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Introduction
Cells are the basic building blocks of tissue. They are dynamic, living structures that have mechanical properties which can change in accordance with their functional state or in response to stimuli within their environment. In particular, cells can reinforce their cytoskeletons through polymerization of their structural, filamentous proteins and form stronger adhesions [1] , but they can also fluidize their cytoskeletons to reduce their structural stiffness and remodel in response to a change in their mechanical environment [2] . Cells also generate physical forces to crawl, contract, and probe their physical environment [3] . Together, these responses help to maintain homeostasis for a cell for both its function as well as its mechanics.
If a cell misinterprets a mechanical cue or finds itself within an abnormal environment, its normal function can be disrupted and disease states can arise [4] . Many pathological diseases, such as asthma [5] , osteoporosis [6] , deafness [7] , atherosclerosis [8] , cancer [9] , osteoarthritis [10] , glaucoma [11] , and muscular dystrophy [12] can be directly caused by or catalyzed by irregular cellular or tissue mechanics [4] . However, the specific mechanisms by which mechanical irregularities lead to disease states, as well as how or if they can be remedied, are still unclear.
While these diseases grow to impair the function of tissues in an organism, their initiation and development starts within individual cells. Therefore, it is important to decouple the role of mechanics at the single-cell level from the role at the tissue level in order to better understand these processes. Furthermore, when studying the mechanical response of an entire cell population, rare or transient phenomena can be obscured when one averages together the responses of individual cells [13] . Therefore, single-cell approaches, whether experimental or computational, can provide a fundamental basis on which to interpret the progression of diseases and disabilities.
To better understand a cell's mechanics, it is important to closely translate results from in vitro experiments into mathematical relationships for in silico models. Experimental efforts focused on cell mechanics have yielded ample information regarding the mechanical properties of cells, as well as their response to different chemical and mechanical stimuli. Using the information gained from these experiments, various computational models have been developed to perform simulations that match closely with experimental observations. These efforts have helped to gain information on complex physiological properties or conditions, which would have been otherwise unable to study [14] In this review, we provide an overview of the experimental and modeling efforts explored within the field of cell mechanics. We first provide a basic background on the biological aspects of cell mechanics and cellular forces. We then highlight key computational and experimental innovations, as well as describe the more widespread tools and models, used for cell mechanics. Due to our research backgrounds and expertise, we focus on studies using micropost arrays first developed by Tan et al. [15] in Sec. 4 , and on a bio-chemical-mechanical model, first developed by Deshpande et al. [16] , in Sec. 6 . Finally, we close with a future outlook for emerging directions in cell mechanics.
Cell Mechanics and Cellular Forces
Animal cells, unlike those belonging to plants or fungi, lack an enclosing cell wall. Therefore, they require specialized structures to maintain their cellular integrity. These structures have received a large amount of interest in the field of cell mechanics because they have been found to define the physical properties and behaviors of a cell. However, a cell's membrane, nucleus, and cytoplasm also contribute to the mechanics of a cell (Fig. 1) . In this section, we briefly highlight these other structures and then turn our attention to the principal components of the cytoskeleton.
The cellular membrane is composed of a thin lipid bilayer, which is approximately 5-10 nm in thickness [17] and has a bending stiffness of 10
À19
-10 À20 N Á m [18] . The main role of the cell membrane is to act as a barrier between the cell interior (cytosol) and the extracellular environment; however, the cell membrane also plays many other important roles. For example, it contains tofilaments. Many protofilaments are bundled together to form the large filamental structure with a diameter of approximately 10 nm, and persistence length on the order of hundreds of nanometers [35] . Intermediate filaments, which can take on a number of different structural configurations, make up a compliant meshwork within the cell cytoplasm that acts as a "stress absorber" [36] .
Actin filaments act as the primary structural component of the cytoskeleton, and with the aid of myosin proteins, are integral in creating and maintaining the forces required for cellular movement or contraction [28] . A single actin filament is made up of globular actin monomers known as G-actin. These monomers are used to form F-actin, which is a polarized, double-helical filament with a modulus of elasticity between 1 and 2 GPa, a diameter ranging from 5 to 9 nm, and a persistence length on the order of tens of micrometers [35] . F-actin undergoes polymerization and depolymerization through the association and dissociation of free G-actin at its filamental ends [35] . F-actin filaments can be linked together through Arp2/3 proteins that form branches in the network at 70 deg angles from the original filament, which help the cell membrane protrude outward during cellular migration or spreading [37, 38] . Structures known as stress fibers consist of two or more F-actin filaments that are bundled together in parallel through a-actinin and nonmuscle myosin II (Fig. 3) .
Myosin is a molecular motor that ratchets along actin, causing parallel F-actin filaments to slide past each other [39] . This sliding of actin leads to force generation in a cell that is akin to the shortening of sarcomeres in muscle cells. The structure of nonmuscle myosin consists of two heads, two necks, and a coiled tail region [19, 35] . The heads of myosin can bind to actin, while its tails serve as locations for myosin-to-myosin binding that allow for the formation of bipolar filaments. Like myosin in muscle tissue, nonmuscle myosin is able to convert chemical energy from ATP hydrolysis into mechanical energy that moves its head into a cocked position. This ratcheting of myosin creates approximately 3-4 pN of force [40] .
The shortening of many stress fibers in a cell can lead tension at points of contact outside the cell, e.g., cell-matrix adhesions and/ or cell-cell junctions. Tension at the cell-matrix junction acts Fig. 1 Major structural components of a cell. The cytoskeleton is composed of actin (parallel filaments), intermediate filaments (wavy filaments), and microtubules (thick filaments). The mechanics of a cell is also defined by its membrane (cell border), nucleus (oval), and cytoplasm (region between membrane and nucleus). 
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Transactions of the ASME predominately at focal adhesions, which are protein complexes that have both a structural and mechanosignaling role [41] . Focal adhesions are an aggregate of cytoplasmic proteins at the inner surface of a cell's membrane. Focal adhesion proteins, like vinculin or talin, connect F-actin to transmembrane receptors known as integrins, which subsequently connect to ligands in the extracellular matrix (ECM) [19] . The forces produced by myosin can be transmitted through focal adhesions to the integrin-ECM interface, where they act as traction forces. The spatial and temporal coordination of a cell's traction forces enable it to migrate to during wound healing. Traction forces also provide a prestress against the ECM that regulates cell adhesion and the signaling pathways associated with focal adhesions. At cell-cell junctions, tension from actin and myosin in one cell can be transmitted to a neighboring cell [42] . A cell-cell junction is the general name given to a family of physical adhesive molecules that intracellularly connect two cells. These interactions facilitate not only cell-to-cell adhesion, but are also a conduit for chemical, mechanical, or electrical information between cells. There are three primary types of cell-cell junctions: tight junctions, gap junctions, and anchoring junctions. Tight junctions are composed of proteins-occludin, claudin, and other junction adhesion molecules-which serve to form a seal between neighboring cells, and act as a physical barrier to solute diffusion between those cells [19, 35] . Gap junctions, on the other hand, are essentially pores composed of connexins, innexins, and pannexins, which allow for the transport of small molecules between adjacent cells [35] . Lastly, anchoring junctions serve a more structural role, by maintaining cell integrity through cytoskeletal connections to other cells, as well as the extracellular matrix. Adherens junctions, desmosomes, and hemidesmosomes can all be classified as anchoring junctions: adherens junctions connect the actin filaments of neighboring cells through cadherin proteins, desmosomes join cellular intermediate filaments though desmosomal cadherins, and hemidesmosomes link a cell's intermediate filaments to the extracellular matrix through integrins [35] .
In addition to forces created and sensed internally, cells also experience external forces acting on them. They can either be directly applied to the cell or transmitted to the cell via cell-ECM or cell-cell interfaces. These forces can be sensed by the same mechanosensory structures that detect internal forces, i.e., focal adhesions or adherens junctions, but they can also be sensed by structures like the glycocalyx, primary cilium, and stretch ion channels (Fig. 4) [43] . The glycocalyx is a lattice of semiflexible macromolecules that are anchored in the cell membrane and extend into the extracellular environment [44] . Primary cilia, on the other hand, are long, slender protrusions of the cell membrane that contain microtubules. Both the glycocalyx and primary cilia deflect much like a cantilever beam when subject to fluid flow [45] . Lastly, stretch ion channels are protein complexes in the cell membrane that open their central pore in response to externally applied strains [46] [47] [48] . It is postulated that forces applied to the cell membrane lead to an increase in membrane tension, which then opens the channels and increases the conductance of extracellular ions that activate signaling pathways that affect cell function and gene regulation [45, 49] .
Experimental Methods for Measuring Cell Mechanics
The mechanical behavior of cells has been studied extensively by a wide array of experimental techniques. Generally, the choice of experimental technique is based upon the size or type of biological structure that is being investigated and what specific information is desired regarding that structure, i.e., microscale structures require microscale tools, whereas nanoscale structures require nanoscale tools. Advances in technology have allowed for the development of a number of different specialized approaches, but here we discuss some of the most common and seminal techniques.
In general, there are two different types of tools used for examining cell mechanics: force-application techniques (Fig. 5 ) and force-sensing techniques (Fig. 6) . The former applies a force to the cell, and then records the cell's mechanical and/or biochemical response to this force, while the later seeds cells onto deformable structures to measure their traction forces. However, tools within both techniques have spatial and force resolution limitations, which confines their applicability (Table 1) .
3.1 Force Application Techniques. As mentioned above, force-application techniques measure a cell's response to an applied deformation or force. In addition to being used to investigate mechanotransduction, these techniques have been used to determine estimates of a cell's material properties. These measurements are invaluable as these properties are needed to define a cell within a computational framework.
3.1.1 Micropipette Aspiration. Micropipette aspiration techniques are often used to study whole-cell mechanics by examining how much cellular material is pulled into a glass pipette in response to negative pressure. Video microscopy is generally used to monitor the volume of cell material outside the pipette by tracking the radius of this material, as well as the length of cellular material within the glass pipette. If the cell is assumed to be a solid, homogenous continuum, its Young's Modulus (E) can be calculated from the applied vacuum pressure, the length of the cell inside the pipette, and the inner radius of the pipette [51] . Alternatively, if the cell is assumed to behave as a viscous solid, its viscosity can be determined from these values, the radius of the spherical portion of the cell outside the pipette, and the lengthening rate of the cellular material within the pipette [51] .
Micropipette aspiration was first used to measure the elastic properties of sea urchin eggs in 1954 and is considered a "classical" technique in cell mechanics [52] . Since then, it has been employed to measure the elastic modulus and viscoelastic properties of various different cell types [53] , e.g. leukocytes [54] [55] [56] [57] [58] , red blood cells [59] [60] [61] , chondrocytes [62] [63] [64] [65] , platelets [66] [67] [68] [69] , and endothelial cells [70, 71] . Micropipette aspiration has also been used to study nuclear mechanics by gently extracting the nucleus from the cell and testing it with a pipette [22, [72] [73] [74] [75] , as well as it has been used to study cell-cell junctions by a double-pipette configuration [76, 77] .
Some of the main advantages of micropipette aspiration include its relative simplicity and low cost with comparison to other methods, its ability to provide force resolution down to piconewtons, and the large range of cells that can be studied using this technique [51] . However, this technique is limited in spatial resolution to the micron scale, deforms (and possibly damages) the cell to a large degree during testing, and its accuracy is based on optical imaging limitations.
Cantilever Manipulation.
Within this category of tools, the two most prominent techniques used within the field of cell mechanics are microneedles and the atomic force microscope (AFM).
Generally, in microneedle experiments, a thin and flexible glass microneedle is used to poke or tug on a cell or on one of its subcellular structures [78] . These needles are often made from a glass fiber whose end is heated until soft and pliable and then pulled into a fine tip. Since the glass microneedle acts like a cantilever spring, the force applied to the cell can be determined by the tip deflection of the needle, which can be measured electrically [79] or optically [80] . After calibrating the microneedle's bending stiffness, the applied force can be calculated from Hooke's Law. Moreover, by monitoring the microneedle force, as well as the deformation it imparts to the cell, the cell's elasticity can be determined from the slope of these experimental force-displacement curves.
When first developed in the early 1980s, microneedles (or cell pokers) were primarily used as a tool to investigate the response of cells to cytoskeletal indentation [80] . Later on, they were refined to determine the mechanical properties for different cell types (Table 2) [79, [105] [106] [107] . Since then, microneedle manipulation techniques have been applied to study focal adhesion and adherens junction mechanotransduction [108, 109] , structural connectivity between the cytoskeleton and nucleus [110] , opening of stretch ion channels [111] , and neuron growth under tensile forces [112, 113] . Improvements in the microneedle approach have come from dedicated electrical-mechanical systems to poke cells [81] . A recent study has demonstrated the importance of precise control of the probe height above a substrate for accurate measurement of cell stiffness [114] . Most recently, microfabricated cantilevers have been used to monitor cell forces with a higher degree of precision (see Sec. 3.2.3).
Overall, this technique is one of the simplest and most effective tools in the cell mechanics "toolbox." It can provide useful information on a cell's elastic properties and is straightforward to use for probing subcellular structures. However, the approach is somewhat data-limited because individual cells are tested serially and by hand, making it time-consuming for an experimentalist to reach a statistically significant set of data for their study. Development of automated, high-throughput devices for poking cells could provide a more data-rich approach [115] . Transactions of the ASME Atomic force microscopy is similar to microneedle manipulation in that it also uses a flexible cantilever with a fine tip at its free end, to probe cellular structures. The tip is used to probe a sample by measuring its displacement in the vertical direction as the tip is directed downward by a piezoelectric stage. The tip displacement is tracked by a laser and has excellent measurement precision. Additionally, using this technique, an approximation for the Young's Modulus of the indented cell can be determined based on the force applied by the AFM, the shape of the AFM tip, and the indentation depth [116] .
Originally, AFM systems were developed to characterize the atomic and surface properties of materials for electronic devices [117] . Since then, AFMs have been adapted with environmental control chambers, and have been retrofitted for microscopy, to investigate biological specimens such as cells. AFMs have been used to examine the mechanics of individual biomolecules [118] [119] [120] , components of the cell nucleus [121, 122] , cytoskeletal structures [123, 124] , and whole cells [78, [125] [126] [127] [128] [129] [130] [131] [132] [133] [134] [135] [136] [137] [138] [139] [140] ; as well as changes in these mechanics during differentiation [141] and disease progression [142] [143] [144] . They have also been used to investigate the mechanotransductive response of cells to applied forces [145, 146] or ECM stiffness [131, 147, 148] . More recently, with some modification to their general setup, AFMs have also been used to resolve point forces exerted at the cell surface by attaching the tip of the AFM to the cell membrane, and then measuring the deflection of the cantilever arm due to contraction, migration, and other cellular events. In this configuration, AFMs have been used to measure forces at cell-ECM junctions [149] [150] [151] [152] , tugging forces at cell-cell interfaces [153, 154] , protrusive forces at the lamellipodia of a migrating cell [123, [155] [156] [157] , changes to cell forces upon chemical treatment [158] , cell contractile forces [159] , and the electrical activity of stimulated cells [160] . AFMs are sophisticated tools that can resolve piconewton forces and interrogate nanoscale structures of a cell. They can provide rich data at one discrete point of a cell at a time, but are limited in probing multiple points of a cell with high temporal resolution. Additionally, scanning with too high of a force can damage the cell; in addition, deformation to the cell membrane without any applied force can result in an overestimation of the force-indentation curve and subsequently the Young's modulus of the cell [161] . Furthermore, the shape of the AFM tip, as well as the location of tip attachment, affect the nature of the forcedeformation curve and biases the results of the test; therefore results are not easily transferable between experiments employing different AFMs.
Optical Techniques.
In general, optical techniques employ photon trapping to manipulate whole cells, or a portion of a cell. Of these techniques, the two most common are optical tweezers and optical stretching.
Optical tweezers or optical trapping, which was developed by Arthur Ashkin of Bell Telephone Laboratories [162, 163] , was originally used to trap individual atoms, viruses, and bacteria [164, 165] . Optical tweezers use an infrared laser and a microscope to trap an object and control its movements through photons [150, [166] [167] [168] [169] . When photons pass through an object, there is a change in their direction based upon the object's refractive index. The change in direction causes a change in momentum, resulting in a force on the object. For light focused through a high powered microscope, photonic forces can trap an object at the center spot of the laser beam. For cell studies, if a spherical bead with radius r ( k is used then the trapping force can be calculated from the intensity gradient of the laser, the refractive References cited in the table are [51, 62, 64, 82, 107, 129, 136, 145, 146, 179, 180, 275, 276, [285] [286] [287] [288] [289] . Note: AFM ¼ atomic force microscopy, C ¼ compression, MN ¼ microneedle, MP ¼ micropipette aspiration, MTC ¼ magnetic twisting cytometry, OT ¼ optical tweezers, PT ¼ particle tracking, and S ¼ stretch.
index of the bead, and the refractive index of the surrounding cell culture medium [170] . The beads used in these studies are coated with ECM proteins like fibronectin, which allows for the cell's integrins to bind to these beads and form focal adhesion complexes. A trapping force that is closely equivalent to Hooke's Law can then be applied to the cell by adjusting the center position of the laser beam [171] . For this calculation, the stiffness of the optical trap can be found by exerting a known force on the trapped object, and then measuring its displacement from the trap center. This displacement is most often recorded using video-based position detection, but can also be determined via imaging or laser-based quadrant photodiode techniques [168] .
In addition to being used as a tool for probing whole-cell mechanical properties of red blood cells [172] [173] [174] [175] [176] [177] [178] , fibroblasts [179] [180] [181] , tumor cells [177, 181] , chondrocytes/osteoblasts [182] [183] [184] , epithelial cells [181] , mesenchymal stem cells [185] , optical tweezers have been used to determine the mechanical properties of subcellular structures such as DNA and proteins [186, 187] . Optical tweezers have also been used to investigate the forces generated by molecular motors [40, [188] [189] [190] [191] [192] [193] [194] [195] , those created by individual RNA polymerase molecules during transcription [196] [197] [198] [199] [200] , and those developed during protein unfolding/folding [201] [202] [203] or binding/unbinding [204, 205] . Lastly, optical tweezers have been used to simultaneously assess the mechanical and electrical properties of cells [206] , and to stretch nonadherent cells [177, 207] .
Some of the advantages associated with using optical traps include the lack of physical contact between the cell and the force-producing mechanism, i.e., the laser, which can induce changes in the cell's mechanical properties, and can also be used to both apply and measure forces [171] . Moreover, by adding additional beads to the cell [173, 174] and/or by creating multiple trapping beams [173, [208] [209] [210] [211] [212] [213] [214] [215] [216] , complex loading states, such as equibiaxial tension, can be applied to the cell. Additionally, bead systems allow for the perturbation of particular cell structures, via specific coatings to the bead surface. However, optical trapping is not without its limitations, especially within the context of biomechanical studies. Namely, the trap strength is sensitive to small optical perturbations and aberrations; therefore, for a lower index of refraction and better trap performance, the trapped particle must be in an aqueous solution (which limits the kinds of experiments that can be performed with optical traps) [150, 170] . Additionally, due to limitations on the number of lasers that can be simultaneously used to trap different particles, only one or a small number of particles can be perturbed at a time. Lastly, it has been proposed that the optical trap may have detrimental effects on cells at higher laser power limits, due to the local heating from the high intensity of the laser, as well as photodamage [53, 150, 171, 217] . Therefore, if used at a high intensity for long periods of time, it is possible that this heating could result in changes to the mechanical properties of the cell.
Alternatively, in an optical stretcher, laser light is coupled to one or more optical fibers with fiber couplers and delivered to the cell chamber [218] . Two-dimensional trapping can be achieved by using a single-beam fiber, while three-dimensional trapping requires two fibers [211] . If two fibers are used, the scattering forces from the laser beams results in axial optical trapping, while Gaussian gradient forces enable transverse trapping [219] .
These systems can be used for the trapping and/or stretching of cells, and, thus far, have mostly been used to investigate the mechanical properties of cells [220] , to distinguish between diseased and healthy cells [181] , and to investigate the response of cells to stretching [221] .
Some advantages associated with optical stretchers are their ability to manipulate cells within closed systems, the fact that they are able to operate over a longer working distance than optical tweezers, they can work with a large trapping volume, and they enable high throughput analysis [219] . However, this technique is only applicable to cells in suspension, and for stable trapping in three-dimensions, the two fibers must be perfectly aligned [219] .
Magnetic Techniques.
The most prominent magnetic techniques used for studies in cell mechanics are magnetic tweezers and magnetic twisting cytometry. Magnetic tweezers apply discrete forces to a cell through attached ferromagnetic beads. They serve a similar purpose as optical tweezers by pulling on cells or subcellular structures; however, for magnetic tweezers, the beads movement is manipulated by a magnetic field gradient produced by an electromagnetic coil. The magnitude of the force applied to the bead is directly related to the intensity of the magnetic field [170] .
Magnetic tweezers were initially developed to measure the mechanical properties of cells , but have since been employed for the manipulation of individual cellular components, such as DNA [227] [228] [229] , lipid bilayers [230] , and cell receptors [231] . Magnetic tweezers have also been used as a means to investigate the effect of applied force on individual ligand-receptor bonds [232] , focal adhesion proteins [233] [234] [235] [236] [237] [238] [239] [240] [241] [242] [243] [244] [245] , cell-cell junctions [246] , and the effect of applying force to multiple different beads seeded within a cell [247] .
One of the main advantages associated with the use of magnetic tweezers is bead attachment versatility. They can be bound with molecules that are ligand-specific, chemical-specific, or nonspecific to a cell's surface receptors, or one of its internal structures. Additionally, as opposed to optical methods, magnetic techniques induce little heat or photo-damage to biological specimens [248] . Furthermore, they can also be used within most materials and media types, as the majority of cell and media fluids have relatively small magnetic susceptibility. Lastly, magnetic tweezers have the ability to apply a constant force to the magnetic particle without a feedback loop, and can apply a large range of different forces (see Table 1 ) [161] . Limitations associated with the use of magnetic tweezers include the nonuniformity of stress profile applied by the bead to the sample, the variability in magnetic properties within a bead population, the inability of magnetic traps to eliminate bead torque, and resolution limitations due to videobased detection [170, 248, 249] .
Alternatively, magnetic twisting cytometry utilizes ferromagnetic or superparamagnetic beads coated with ECM proteins or cell-adhesive peptides, to apply a torque to the surface or inside of a cell [250, 251] . The torque is created at the bead-cell interface by applying a field in a direction perpendicular to the magnetic dipole of the bead [53] . The angular rotation of the bead can determined via a magnetometer [252] or by optically tracking their motion as they roll across the surface of a cell [253] .
Magnetic twisting cytometry was originally used to investigate the material properties of the cytoplasm [225, 226] , but has more recently been used to examine cell material properties, [253] [254] [255] , mechanical strengthening at cell-ECM or cell-cell receptors [252, [255] [256] [257] [258] [259] , stress relaxation [260] , the activation of mechanotransduction signaling pathways [261] , the effect of localized stress on gene transcription [256, 262] , and cytoskeletal remodeling [263] [264] [265] . Magnetic twisting cytometry has many of the same advantages and disadvantages as magnetic tweezers, but with the added advantage of force application in a rotational frame.
3.1.5 Substrate Strain. In this technique, strain can be applied to cells cultured on top of an elastic membrane or gel coated with an ECM protein by stretching this underlying substrate with vacuum pressure or an indenter. This strain, which mimics the physiological strain imposed on cells within the body, can be used to apply strain in one direction (uniaxial), in two directions (biaxial), or equal strain in all directions (equibiaxial). Stretching techniques are most often used to investigate the effect of applied strain on a wide variety of different cellular properties, such as morphology, genetic regulation, metabolic activity, injury, and cell phenotype [53] .
More specifically, applied mechanical strain has been used to investigate the phenomena of strain-induced cytoskeletal fluidization and resolidification [2, 266, 267] or reinforcement [2] , actin reorganization [266, 268, 269] , ECM protein recruitment and reorganization [270] action potential signaling [271] , genetic activity [272] , and cell motility [273] . Recently, this technique has been coupled with force-sensing methods to reveal information regarding the effect of globally applied mechanical strain on cell traction forces [2, 266] .
Advantages of this method include its relative ease of use and low cost, the ability to stretch multiple parallel substrates with the same strain profile, control over the stiffness of the substrate that the cells are cultured on (by modifying the substrate's elastic properties), the ability to change cell-substrate interactions (via the substrate's surface coating), and the ability to perform microscope observation during testing (for systems with stationary culture surfaces). Disadvantages of this technique include the anisotropy in the applied strain at the grip regions, and the inherent heterogeneity of the elastin substrates used in this technique.
3.1.6 Compression. This technique can be used to measure the mechanical responses of cells to unidirectional whole-cell compression. A typical experiment is performed by growing a population of cells on a flat plate, and then allowing a second plate to come into contact with these cells. The force applied to the cells is dependent on the mode of force application. If the second plate is simply allowed to rest on top of the cells, then the force applied to the cells is effectively the gravitational force produced by the second plate. However, most often, the second surface is mechanically driven towards the cells [274] . Alternatively, the cells can be seeded within a gel, and the cell can be compressed between two spacers [275, 276] , or the cells can be compressed laterally via the compression of their underlying substrate [277] . In the case of mechanically driven compression, the applied force must be calculated; moreover, if the cells are seeded within a gel, the mechanical properties of that gel must be taken into account for these calculations. In earlier studies, this was done by performing video microscopy and calculating changes to the cell's shape [275, 276] .
Initially, this method was used to investigate the mechanical properties of sea urchin eggs [278] [279] [280] [281] [282] [283] , as well as to study the effect of compression on bone cells [275, 284] . More recently, it has been used to elicit the material properties of whole cells [285] [286] [287] [288] and individual cell structures [289] , as well as to investigate the effect of compression on cell structure [277] .
Some positive aspects of this technique include the wide range of different stimulation profiles that are possible, as well as the ability to study either single cells or cell populations in two or three dimensions [274] . However, the Poisson-effect leads to anisotropy in the applied strain field, and there is strain heterogeneity at the specimen-plate interface as well as limited gas exchange in these closed-systems can lead to cell death [274] .
Flow
Techniques. There are a number of different primary cells resident within the human body that are either consistently or periodically subject to fluid flow. Shear flow systems mimic these flow conditions in order to yield more physiologically relevant experimental results. The three most popular kinds of shear flow devices are the cone-and-plate system, the parallel plate flow chamber, and microfluidic devices. Within these systems, cells can be subject to laminar, transitional, or turbulent flow profiles. The distinction between these profiles is determined based on the flow's dimensionless Reynolds number. A fluid with a Reynolds number of Re < 2300 is considered to be laminar, while flow with Re > 4000 is defined as turbulent flow, and anything in between 2300 < Re < 4000 is deemed transitional flow.
In the cone-and-plate system, rotation of the fluid within the cell culture chamber is induced by spinning the cone perpendicular to the plate surface. The taper in the shape of the rotating cone generates a shear stress that is homogeneous over the entire population of cells in the chamber [8, [290] [291] [292] [293] . Because of the large number of different combinations of cone taper and velocity, a vast number of different flow profiles can be achieved [274] . Alternatively, in a parallel plate flow chamber, a pressure differential between openings on either side of the chamber is used to drive fluid across a layer of cells. This pressure drop is generally achieved via gravitational fluid flow or through the use of a fluid pump.
There are also a wide range of microfluidic devices that have been developed to simultaneously study the effect of physical and chemical cues on cellular material properties. In general, these devices use fluid flow to direct cells and substances through complex, micromachined channels. Possible physical cues that can be delivered to a population of cells via a microfluidic device include various fluid flow profiles, changeable substrate topology and stiffness, and control over cell shape through microcontact printing. Possible chemical cues include the treatment or incubation of these cells with various different growth factors, drugs, and/or molecular agents. Microfluidic devices can also be designed to characterize the mechanical properties of either suspended or adherent cells through the incorporation of flow cytometry and microstructured elastomeric surfaces (such as post arrays), respectively.
A large number of different cellular phenomena have been found to be influenced by fluid shear stress. Namely, shear stress has been found to play a role in kinase activation [294] , cytoskeletal organization [295] [296] [297] [298] , signal transduction [296, 299, 300] , proliferation [301, 302] , apoptosis [303, 304] , gene expression [305, 306] , migration [307] [308] [309] [310] [311] , cell-ECM interactions [312] [313] [314] , and cell-cell junctions [315] . Furthermore, microfluidic devices have enabled investigations on the effect of hydrodynamic stretching on single cells [207, 316] , cell movement through fluid and/or solid environments of different geometries [317] [318] [319] [320] [321] , the effect of multiple different applied forces on adherent cells [322, 323] , and the chemotactic movement of cells [324, 325] .
Some of the advantages of standard shear systems, such as parallel plate flow chambers and cone and plate systems, include the homogeneity of the applied shear stress, the relative simplicity of the equipment, and the ease of physical and optical access to the studied samples [274] . However, standard shear devices can be bulky, require large amounts of reagents, and do not allow for sophisticated control over the mechanical environment that the cells see. Alternatively, microfluidic devices have the ability to control the cell environment while simultaneously measuring cell mechanics, can be fabricated repeatedly, can be designed to handle adherent or nonadherent cells, can expose cells to pulsatile or chaotic flow, require small sample and reagent volumes, can be designed to approximate physiological conditions, and are capable of delivering or measuring multiple different kinds of mechanical, electrical, and/or chemical properties to cultured cells [326] . However, since these devices are generally designed to be closed systems, once they are fabricated, it is difficult if not impossible to manipulate them. Therefore, in order to make changes to a device, another one must be fabricated, and this fabrication process is generally relatively expensive and time consuming. Additionally, only certain materials (those that are nontoxic and provide for gas exchange) can be used to fabricate these devices in order to maintain cell viability. Furthermore, some of these devices operate on the assumption that there is not any heterogeneity in cell size within a population of cells; and if this difference does exist, it is possible that the device will not function properly [316] .
3.1.8 Acoustic Techniques. Compared to previously mentioned techniques, acoustic techniques are relatively new to the field of cell mechanics. In general, these systems employ acoustic waves to manipulate whole cells. Here, we discuss acoustic tweezers, ultrasound stimulation, and quartz crystal microbalance sensors.
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Transactions of the ASME Acoustic tweezers use standing surface acoustic waves (SSAW) to translate or stretch cells and microparticles, [327] . A surface acoustic wave (SAW) is a sound wave that travels along the top surface of an elastic material [328] . These devices are commonly fabricated by placing a PDMS microchannel above a piezoelectric substrate with two interdigital transducers (IDTs) [327, 329] . For one-dimensional manipulation, these transducers are placed in parallel, and for two-dimensional control, they are oriented orthogonal to one another. To use this device, cells are dispersed within the microchannel via pressure-driven flow, until the distribution of cells is stable. If the IDTs are placed in parallel, and an identical RF signal is applied to each, then the interference of the opposing propagating waves leads to SSAW motion in the perpendicular direction. Alternatively, if the IDTs are placed orthogonal to one another, then cell motion can be controlled in twodimensions by altering the RF signal applied to each IDT [327] . In either case, this motion is driven by a periodic distribution of pressure nodes within the fluid.
Alternatively, ultrasound stimulation can be used to apply mechanical forces to cells by inducing acoustic vibrations within a fluid environment containing the cells [330] . This can be achieved by culturing the cells in between two rigid substrates, and sinusoidially vibrating one of the plates with a piezoelectric transducer [330] . Alternatively, these vibrations can be limited to the surface of a piezoelectric material by converting an electrical signal into polarized waves via interdigital transducers [331] .
Finally, quartz crystal microbalance is a surface-sensitive means of quantifying changes in the mechanical properties of cells. In this system, two electrodes are placed at the opposite ends of a thin quartz piezoelectric substrate [331] . Mechanical oscillations are then induced when a potential difference is created between these two surface electrodes. Using this technique, changes in cell mass or attachment are measured by observed shifts in the resonance frequency of the sensor crystal, and changes in the cell viscoelastic properties are measured by observing changes in the energy dissipation of the shear oscillation of the sensor [332] .
Within the field of cell mechanics, ultrasound devices have been used to investigate the role of acoustic stimulation on cell proliferation [333] [334] [335] [336] [337] , genetic activity [333, 335, 337] , cell-cell interactions [338] , and ECM organization [337] , to induce the differentiation of various different cell types [337, 339] , as well as they have been used for cell manipulation and transport [330] .
In general, acoustic systems are noninvasive, only introduce low-power mechanical vibrations to the sample (rather than heat or photodamage), have a much lower power requirement than their optical counterparts, and do not require cell pretreatment regardless of cell shape, size, electrical properties, or optical properties [327, 329, 330, 333, 340] . Additionally, these systems are fairly simple and inexpensive to use compared to optical and magnetic systems, are high throughput, and can be applied to individual cells or multiple cells at once. However, because these techniques are relatively new to the field of cell mechanics; thus far, they has only been employed for one and two-dimensional manipulation of cells on the micro and milli-scale.
3.1.9 Electrical Techniques. Recent advancements in microelectromechanical systems (MEMS) technologies and electricalstimulation devices have helped elucidate the effect of a cell's mechanical environment on its electrical properties, and vice versa.
As their name implies, MEMS combine mechanical and electrical components onto one microscale device, which are generally fabricated with standard micro and nanofabrication processes [341] [342] [343] . One of the more prominent MEMS techniques used within the field of cell mechanics is dielectrophoresis (DEP). Dielectrophoresis uses a nonuniform electrical field to induce the translational motion of particles. This is achieved by first inducing polarization of the cell (or cells) of interest via an applied electric field. Then, when a nonuniform electrical field is applied, the disparity in the Coulombic forces pulling on each end of the cell dipole results in cell motion [344, 345] . This motion is governed by the magnitude and polarity of the charges induced in the cell by the applied electrical field, which are dependent on the electrical properties of the cell, the size of the cell, the frequency of the applied field, and the conductivity and permittivity of the medium [343, 346] . This technique can be used to stretch cells via electrical stresses generated by planar microelectrodes [342, 343] . This is achieved by using DEP to trap individual cells at the tip of a microelectrode, or by chemically attaching cells to individual microelectrodes, and then applying an electrical potential between that and an opposing electrode via a signal generator. This potential results in an applied electric field, which deforms the trapped cells at a constant stress [342] . This deformation can then be observed and captured with standard optical imaging to determine approximations in the cell stress, strain, and viscoelastic material properties [342] .
Recently, MEMS systems have gained more popularity within the field of cell mechanics, and have been designed to enable force sensing during or directly after mechanical actuation events [341, 347] , to simply apply mechanical strain to cells [345] , to monitor cell attachment and spreading [332] , to measure cell-ECM interactions [348, 349] , to quantify cell death [346] , and to quantify cell mechanical properties [342, 343, 350] .
One of the main advantages of MEMS devices is that they are designed to be all-inclusive systems, i.e., they generally do not require much external equipment to operate. Additionally, these devices can be designed to perform single or multicellular studies, and can also be used to perform parallel analysis [350] . However, fabrication of these devices is generally fairly expensive and complicated, and once fabricated, it is not easy to alter chip design. Furthermore, the fabrication of each new device generally takes a couple of days, and prior to their use, these devices often have to be calibrated, which can be a complicated process [341, 344] .
Alternatively, electrochemical gradients or stimulation can be applied to a population of cells in culture via metal electrodes or salt bridges. Electrical signals are involved in cell development, wound healing and migration, neuronal and cardiac action potentials, and the progression of disease [351] . Upon injury, wounds generate naturally occurring electric fields that guide cell migration [352, 353] . This phenomenon is commonly referred to as electrotaxis or galvanotaxis, and can be recreated in vitro by applying an electrochemical field to cultured cells. Often, this electric field is delivered to the cells via agar salt bridges within the cell media, which are connected to two electrodes immersed in Steinberg's solution and stimulated with a DC field [354] [355] [356] .
In the human body, cardiomyocytes and neurons are periodically exposed to ionic currents, and their continued function relies on the propagation of these currents. To elucidate the effect of electrical stimulation on cell mechanical properties, an electrical field can be administered to cultured cells by placing electrodes directly into the culture medium, and applying an AC field to these electrodes [351] .
Within the field of cell mechanics, electrical fields have been used for the directed migration of fibroblasts [357] [358] [359] , epithelial cells [356] , endothelial cells [360, 361] , stem cells [354, 355] , white blood cells [362, 363] , and various different malignant cell types [364] [365] [366] . They have also been used to determine the effect of electrical gradients on cytoskeletal orientation and organization [358, 361, [366] [367] [368] , as well as cellular contraction [367] [368] [369] [370] . These electrical gradients are most often applied to cells cultured on flat substrates, but can also be applied to cells in threedimensional scaffolds or tissues [364, 368] .
Overall, electrical stimulation techniques are relatively simple to implement, can be applied to multiple cells at a time, and are a widely standardized and established method for cell stimulation. However, these apparatuses can be bulky, expensive, and can result in nonuniform electrical fields.
Material Constants Obtained via Experimentation.
The experimental techniques highlighted in Sec. 3.1 of this review have been useful in estimating material constants for cells. However, the reported values for different cellular material l properties can be influenced quite strongly by the experimental technique used to obtain them, as well as by the particular type of cell being investigated (Table 2 ). For instance, the constants resulting from techniques that require a physical adherence between the cell and the test equipment will depend upon the shape and overall size of the contact area between the cell and equipment, as well as on the point of adherence within the cell. Furthermore, because the cytoplasm is nonhomogeneous and is consistently remodeling, e.g., changes during migration or spreading, the material properties obtained are an approximate average of a cell's components at a particular instant in time. However, these approximate values have proven to be very useful in defining computational models of cell mechanics. This idea will be further expanded upon in the following sections of this review.
3.2 Force-Sensing Techniques. The other class of tools used for cell mechanics are used to measure the forces produced by cells during development, contraction, migration, and other commonly occurring cell processes (Fig. 6 ). These techniques can be used to measure cell forces within a static environment, or they can be combined with one of the previously mentioned techniques to investigate the effect of externally applied forces on cellproduced forces.
3.2.1 Wrinkling Membranes. Albert Harris developed the first technique used to measure the traction forces produced by cells [371] . These forces were observed by seeding cells onto a thin, flexible membrane of silicone rubber. As these cells contracted, they pulled on the silicone membrane, causing wrinkles to form. The lengths of these wrinkles, as well as the number of wrinkles surrounding a cell, can be used to estimate the amount of force produced by the cells [372] .
Studies utilizing wrinkling membranes for traction force measurements have yielded information regarding the relative magnitude of forces exerted by different cell types and how these forces serve to remodel the extracellular matrix [373] . The main advantage of this method is its ability to assess whether a particular area of a cell is under tension or compression. However, this technique is not able to determine the exact location, direction, or magnitude of traction forces, as the wrinkles produced by the cell are a result of multiple individual traction forces. Furthermore, debris, surface defects, and nonuniformity in the thickness of in the membrane can incorrectly alter calculated traction forces, or complicate their quantification [374] .
Traction Force Microscopy.
Traction force microscopy was developed as a means for measuring cell traction forces in a quantitative manner. In traction force microscopy (also known as particle tracking), the cell of interest is seeded onto or within a polymeric gel substrate, along with a large number of micro-scale fiduciary beads [250] . Given a value for the elastic stiffness of the substrate, traction forces can be estimated by tracking the displacement of the beads [53] . Assuming that an elastic, homogenous, isotropic, and linear material is used as the particle substrata, the relationship between the displacement field and traction field can be determined from the material properties of the substrate material using Green's function [375] .
Traction force microscopy has been used to measure the forces produced by a vast number of different cell types [254, 367, [376] [377] [378] [379] , to determine the contribution of active cytoskeletal contraction to these traction forces [377, 380, 381] , and to elucidate the effects of pathological events on these forces [382] [383] [384] . It has also been used to measure forces at focal adhesions [385] , to determine traction forces during migration [380, 386, 387] and development [388, 389] , elucidate the effect of cell shape [390] and electrical stimulation on traction forces [367] , and to determine the effect of certain gene upregulation on traction forces [383] . More recently, this technique has been combined with laser scanning confocal microscopy to allow for the measurement of traction forces in three dimensions [391] [392] [393] [394] [395] . Furthermore, when combined with force-application techniques, traction force microscopy has yielded information regarding the effect of applied forces on cell traction forces [396, 397] .
This technique has a number of advantages. For instance, because the cells of interest can be seeded on top or within the gel material, this technique can be used with both adherent and nonadherent cell types. Additionally, the material properties of the gel can be altered to expose the cells to testing environments of different stiffness. Furthermore, the variety of different bead types and sizes available for these experiments allows researchers to control the area over which the force is applied, as well as the vast range of different bead coatings that can be used for these experiments allows for strict control over cell-bead attachment. However, there are also a number of negative aspects associated with particle tracking. Namely, the accuracy of this technique is limited by a number of different properties. First, force resolution is based on optical resolution; therefore, forces that are resolved using a low resolution imaging technique will be inherently inaccurate. Second, determined cell forces are based on the accuracy of the cell's assumed stiffness, which is often based on indirect measurements. And lastly, resolved forces are strongly influenced by the size of the particle and fluctuations in temperature. Furthermore, since bead deflections are due to the summation of multiple different point forces, traction force microscopy only gives an estimation of the directionality and magnitude of a cell's traction force at one particular point in space [78] .
3.2.3 Cantilever Sensing. Cantilever beams are essentially long, slender structures, whose deflections are used to measure the traction forces produced of cells. The first incarnation of this tool was an array of horizontal cantilever beams built underneath flat surfaces that the cell can come into contact with [398, 399] . As a cell migrates across these surfaces, it bends the cantilever to a degree that is proportional to the traction force applied to this region by the cell. This relationship is governed by Hooke's law [400] . Alternatively, if the cantilever beam is fabricated on the end of a sensory probe, it can be used to apply a discrete force to the cell, while simultaneously measuring changes in cell contractile forces [401] .
Studies employing these cantilevers have found that the front of migrating fibroblasts produce intermittent rearward forces, while the tail region produces forward-directed forces of larger magnitude, and both these forces have periodic fluctuations [398] . However, in general, cellular deflections are linear in nature [402] . In addition to yielding contractile forces, cantilever beams have also been used to elicit information regarding the effect of lateral indentation or tugging on cell morphology [401, [403] [404] [405] [406] [407] , the role that tension plays in neurotransmission [408] , and cell material properties [409] [410] [411] .
The main advantage of this technique is its ability to elicit discrete traction force measurements. More specifically, this technique is able to determine the magnitude and direction of the traction force experienced by a subcellular region of interest below the cell. Furthermore, fabrication of multiple cantilevers in series allows the measurement of forces in multiple locations over time [410] . However, these cantilever arrays are relatively expensive, difficult to fabricate, and are limited to the measurement of forces along two axes [409] . After the introduction of large arrays of horizontal cantilever beams, technological advances within the field of soft lithography allowed for the production of vertical arrays of cantilevers, also known as micropost arrays. These tools are described in further detail in Sec. 4 of this paper.
Bioreactors.
A bioreactor is essentially an apparatus in which cell cultures can be maintained and simultaneously subject to externally applied stimuli. Recently, these systems have gained 060801-10 / Vol. 65, NOVEMBER 2013
Transactions of the ASME more popularity within the field of cell mechanics, and have been designed to enable the measurement of multicellular forces in three-dimensional environments [412, 413] , as well as the forces produced by microtissues during or directly after mechanical actuation events [414] [415] [416] [417] .
One of the main benefits of these systems is their ability to allow for the measurement of multicellular forces within a physiologically relevant environment. Additionally, because these systems are able to simultaneously apply external stimuli to cells and measure cell properties, they allow for stricter control over the cellular culture environment, and enable more complex experimental studies. However, further development and use of these systems is limited by the cost and complication associated with their fabrication. That said, if the cost of these systems can be lowered, or they become commercially available for purchase, they have the ability to serve as a standard, all-inclusive, cellmechanics testing platform.
Focus on Micropost Arrays
Micropost arrays, also known as microfabricated post array detectors (mPADs) or micropillars, are arrays of vertical cantilevers, which are used to spatially track the traction forces produced by cells attached to their tips. This section of the paper will outline micropost fabrication, how they are used to measure cell forces, the advantages and disadvantages associated with using micropost arrays, and current knowledge that has been obtained from their use.
4.1 Fabrication. Before making the silicon micropost arrays, master cantilever templates are made from silicon or photoresist using photolithography techniques. During this process, a photosensitive photoresist (generally SU-8) is exposed by UV light through a photomask (generally made out of chrome and glass). This UV treatment cross-links the exposed material, which makes it insoluble to the developer solution. Therefore, when the substrate is immersed in the developer, the remaining regions will wash away, leaving only the exposed structures (Fig. 7) . This master can be fabricated as either a positive (silicon microposts) or a negative replica (silicon substrate with micro-sized holes) of the post arrays.
After this silicon master, micropost arrays can be created by casting replicas of this master mold, using a silicone or thermoplastic material. Generally, micropost arrays are formed out of polydimethylsiloxane (PDMS), but they have also been fabricated out of polymethylmethacrylate (PMMA) [418] . When using a positive master, two casting steps are required. First, the silicone or plastic is cast off of the silicon master to create a negative mold. A second casting is then made from this negative mold to make the mPAD. Alternatively, when using a negative master, the silicone or plastic can be cast onto the silicon master to form the microposts in one step. While this single-step process eliminates the need for a second casting procedure, it has previously been found that the silicone material can become clogged within silicon holes, which leads to micropost arrays with defective posts. In order to prevent the casting material from sticking to the master wafer or negative mold, these structures must be silianized prior to these casting steps.
After making the micropost arrays, cells are attached to the tops of the posts by coating an extracellular matrix protein on their tips via a process called microcontact printing (Fig. 8) . In the initial steps of this process, an ECM protein is allowed to absorb on a block of silicone material (called a "stamp"), while the micropost arrays are treated with UV ozone to make them hydrophilic. When these two surfaces are placed in contact, the protein is transferred from the stamp to the tips of the microposts. Once the ECM protein has been absorbed to the post tips, the posts are fluorescently stained such that their locations can be determined during fluorescence microscopy. After staining, the remaining surfaces of the microposts are treated with Pluronic to ensure that cell attachment is limited to the tips of the microposts, and not along their sides or base. At this point, the substrates are ready for cell seeding and experimentation [418] .
Determining Cell Forces and Examining Cell
Structure. To determine a cell's traction forces, the deflection of each post that the cell is attached to is determined by comparing images of the top plane of the posts to the bottom plane. Knowing the Young's modulus and dimensions of the posts, linear elastic beam theory can then be used to determine the cell's traction forces using the following equation:
where E is the Young's modulus of the silicone, D is the diameter of the cantilever post, L is its length, and d is the horizontal deflection of the post. If the height-to-diameter ratio of the posts is low, Applied Mechanics Reviews NOVEMBER 2013, Vol. 65 / 060801-11 the spring constant used for these force calculations need to be adjusted to account for rotation at the base of the microposts [419] . If a static experiment is being performed, the cells can simply be fixed and fluorescently stained on top of the posts following experimentation. Alternatively, in order to visualize cell structures during a live experiment, the cells should be transfected with a fluorescent protein, such as green fluorescent protein. Fluorescently staining cells prior to live-cell experimentation has been found to result in cell death and can interfere with their normal behavior. However, following live experimentation, the cells can be fixed and fluorescently stained for other cell structures of interest.
Applications and Limitations of Micropost Arrays.
Micropost arrays can be used to measure local traction forces, multicellular forces, cell-cell forces, and any changes to these forces due to externally applied stimuli. Furthermore, since cell structures can be visualized via fluorescence imaging, changes to these structures can be simultaneously investigated. With regard to their spatial resolution, microposts have dimensions that are on the microscale, which results in a high density of force sensors beneath a single cell. Additionally, these posts can be fabricated in a cost effective manner, as multiple identical arrays can be made from a single silicon master, and PDMS is a relatively cheap material.
However, since post deflections are optically observed using microscopy, the range of materials that the posts can be fabricated out of is limited to those that are transparent. In addition, during experimentation, the researcher must choose between observing one cell with high accuracy or multiple cells with low accuracy due to limited field of view with microscopy at high magnification. Furthermore, the nonphysiological form of these substrates could stimulate cell responses that are elicited by the topology and adhesion area of the micropost landscape. Lastly, tapered side walls and/or top surfaces, posts sticking in the holes, and posts coming out of the molds with greatly reduced dimensions are some of the difficulties that can arise during the fabrication of these microposts [420] .
Studies on the Utility of Microposts for Cell
Mechanics. Since their induction into the world of cellular mechanics, micropost array sensors have been used to study changes to cellular forces experienced during various different cellular processes, and within a wide variety of different test environments. This section of the paper will review some of the experiments that have utilized micropost arrays and their major findings.
4.4.1 Cell Spreading. When cells are initially seeded onto a surface, they are generally characterized by a rounded morphology. After cells have adhered to the underlying substrate, they begin to spread. In the first experiments employing micropost arrays, cell traction forces and focal adhesion area were quantified for unspread and spread bovine pulmonary artery smooth muscle cells [421] . These experiments found that both the focal adhesion area and the amount of cell spreading were proportional to contractile force production. These results were expanded upon in further experiments by the same group, which showed that the spread area of cells seeded on micropost arrays was similar to that for cells on glass slides, glass slides coated with fibronectin, and the total cell force increased with increasing cell spread area (Fig. 9) [422]. found that during the process of migration, maximum traction forces are concentrated at the edge of the cell, and that epithelial cells within monolayers create higher traction forces than individual cells alone [423] . More recently, Sochol et al. found that when micropost arrays are fabricated with variable amounts of spacing, bovine aortic endothelial cells (BAECs) will migrate in the direction of decreasing post-to-post spacing [424] . Additionally, a group out of the University of Pennsylvania used micropost arrays to show that the migration of primary murine dendritic cells is driven by traction forces at their leading edge, and the orientation of these traction forces can be used to predict the direction of dendritic cell motion [425] .
In the realm of transmigration studies, Rabodzey et al. demonstrated that the tangential forces exerted by neutrophils during transendothelial migration, significantly increase as they penetrate into the intercellular space [426] . This study also found that the traction forces exerted by the endothelial monolayer through which the neutrophils migrated, also increased. This increase in traction forces was seen to coincide with the disruption of VEcadherins at the endothelial cell-cell boundary. More recently, Liu et al. [427] performed a study in which micropost arrays were used to determine the cell forces created by a monolayer of endothelial cells during monocyte adhesion and transmigration. This study found that the average traction forces within the monolayer increased during both of these processes, and that the endothelial cell(s) in direct contact with the adhered monocyte experienced the largest traction forces, which were aligned in a centripetal orientation (Fig. 10) [427].
Cell Contractile
Power. Micropost arrays also have the ability to yield information regarding the velocity-and thus power-of cellular contractile events. Using an enhanced optical tracking technique that records micropost deflections in high spatiotemporal resolution, Rodriguez et al. found that cardiomyocyte twitch power increased with increasing substrate rigidity, while twitch velocity decreased (Fig. 11) [428] . Cells with increased twitch power were also found to have improved myofibril structure and increased intracellular calcium levels.
Cell-Cell Forces.
In general, the majority of studies that employ micropost arrays to study cell mechanics measure traction forces experienced by focal adhesion complexes, i.e., zyxin [429] and FAK [430] . In these studies, the tips of the microposts are coated with an extracellular matrix protein. Alternatively, the tips of the microposts can be stamped with a cadherin ligand, in order to quantify the magnitude of forces experienced by these complexes. Experiments employing this technique have found that the forces experienced by cadherin complexes are on the same order as those found for focal adhesion complexes [431] . Transactions of the ASME Similarily, if two cells are patterned on top of the micropost arrays such that their contact area is limited, the traction force experienced by this interface can be elicited. In a recent study performed by Liu et al., changes to adherens junction size and the traction force existing at this junction were recorded. These experiments found that adherens junction size is regulated by the cell-cell tugging force, and that both quantities will increase with increasing myosin activation (Fig. 12) [432] .
Forces
Involved in Cell-Matrix Assembly. Micropost arrays have also been used to investigate the role of traciton forces in extracellular matrix assembly. In experiments performed by Lemmon et al. (Fig. 13) [433] , the contractile forces produced by NIH3T3 cells on microposts were recorded, while simultaneously Upon investigating monolayer traction forces, it was found that the largest traction forces were created by cells along the edge of the monolayer [434] . Furthermore, cell growth was shown to align with respect to the direction of highest traction forces (Fig. 14) [435].
3D Configurations for Cellular Force Measurements.
While various studies have shown the benefit of using micropost arrays to study the mechanics of planar cells or cell monolayers, a small number have also demonstrated the ability of micropost arrays to elicit information regarding the mechanics of threedimensional cell populations. For example, experiments performed by Liang et al. revealed that the contractile forces produced by microthrombi increase with increasing thrombin concentration and activation time (Fig. 15) [436] .
Alternatively, larger scale silicone structures can be made via the same fabrication techniques to allow for contractility measurements of multicellular tissue constructs [437] . These devices, which are commonly referred to as microfabricated tissue gauges, were pioneered by the Chen Lab at UPenn, and have been used to measure the contractility of skeletal muscle [438] , cardiac muscle (Fig. 16) [439] , smooth muscle [440] , and fibroblast [441] tissues. Recently, Zhao et al. demonstrated the ability of this device to measure the contractility of multicellular tissues under applied force [442] . This was accomplished by attaching a nickel sphere to the top of one pillar, and then using a magnetic tweezer to actuate the sphere.
Effect of Micropost Stiffness.
As discussed earlier, the stiffness of the entire micropost array can be altered by changing the dimensions of the microposts. In a study performed by Saez et al., it was found that the traction forces exerted by MDCK epithelial cells were proportional to the spring constant of the micropost pillars on which they were seeded [443] . This result was also found in subsequent studies performed by Ghibaudo et al. using 3T3 fibroblastic and MDCK epithelial cells. However, in these experiments, it was noted that there is a plateau of substrate rigidity, past which increases to post stiffness do not result in increases in traction forces (Fig. 17) [444] .
Micropost substrate rigidity has also been found to affect cell morphology, focal adhesion area, cytoskeletal contractility, and stem cell differentiation. Han et al. found that the traction forces and focal adhesion area human pulmonary artery endothelial cells (HPAECs), 3T3 fibroblasts, and human aortic smooth muscle cells can be altered by controlling the cell spread area and density of microposts under the cell [445] . Alternatively, a study performed by Fu et al. found that stem cells seeded on rigid microposts were more spread out, displayed more highly organized cytoskeletal proteins, and had larger focal adhesion complexes than cells on soft microposts, which agrees with previous studies [444] . Furthermore, rigid microposts elicited differentiation into osteogenic cell lines, while softer microposts lead to adipogenic differentiation (Fig. 18) [446] . Simultaneous experiments showed that increases in substrate stiffness can also increase cortical cell stiffness [147] . Furthermore, Sun et al. showed that very rigid substrates are able to maintain human embryonic stem cell (hESC) pluripotency, as well as that differentiated hESCs can be distinguished from nondifferentiated hESCs via their traction forces; differentiated hESCs create much stronger traction forces, regardless of the stiffness of the underlying substrate [447] .
Alternatively, micropost arrays can be fabricated such that specific regions within an individual array are stiffer than others, by designing these regions to have larger diameter posts. In experiments performed by Saez et al., MDCK epithelial cells were found to migrate in the direction of highest stiffness [448] . The same result was found in subsequent experiments with 3T3 fibroblasts and MDCK epithelial cells [444] , as well as for BAECs [449] . Furthermore, it was also discovered that cellular traction forces also tend to align in the direction of highest stiffness [444] .
Effect of Applied Mechanical
Force. Due to their elastic material properties, silicone micropost arrays can be subject to a Transactions of the ASME wide variety of high-magnitude mechanical forces without losing structural integrity. Such mechanical forces can be applied to whole cells-using techniques such as shear flow or whole membrane stretching-or to individual cell structures via individual post deflections.
To assess the effect of applying external force to individual focal adhesions on cellular traction forces, magnetic nanowires can be implanted into individual microposts and then subject to an applied magnetic field. This technique, has demonstrated that the application of concentrated forces to focal adhesions causes a decrease in cell traction forces (Fig. 19 ) [450] , that force leads to an increase in focal adhesion assembly at the site of force application, and that multiple force applications result in greater focal adhesion growth [451] .
Another realm of these studies involves the application of shear flow to cells seeded on top of microposts. In a recent study, monolayers of endothelial cells were grown on arrays of microposts and exposed to laminar or disturbed flow. These studies found that cells experiencing laminar flow had higher traction forces, higher intercellular forces, and larger focal adhesions than those under static conditions, while cells exposed to disturbed flow had lower traction forces, lower intercellular forces, and smaller focal adhesions (Fig. 20) [452] . In a similar study [453] , shear flow was found to realign endothelial cells in the direction of flow, while maintaining their same spread area. In this study, the cell's contractile forces were found to instantaneously increase at the onset of flow but ultimately decrease to baseline levels.
Additionally, Mann et al. recently demonstrated the ability to mechanically strain cells on microposts by fabricating the posts on top of a thin, stretchable, PDMS membrane. This system enabled the measurement of real-time live-cell contractility during stretch events [454] . The results of this study demonstrated that when exposed to equibiaxial stretch, vascular smooth muscle cells initially enhanced their contractile forces to resist cell deformation, and then, as the cytoskeleton reorganized, these forces were slowly reduced.
Computational Descriptions of Whole-Cell Mechanics
Computational models provide us with the ability to interpret experimental measurements. Depending on the complexity of the model, this interpretation can be as simple as calibrating the passive elastic stiffness of the cytoplasm and nucleus, or as complex as uncovering rate constants for the process of cytoskeletal remodeling within an active model. Single cell experimentation does not offer a clear interpretation of cell mechanical properties or substantial insight into the contribution of key biomechanical processes to cellular events without the parallel use of computational modeling. Additionally, mechanical measurement alone is limited due to complex cell geometries, complex boundary conditions, the inhomogeneous nature of a cell's materials and structures, cell remodeling over time (the initial conditions are critical), and the active response of the cell to mechanical stimuli that are applied as part of the measurement process [455] .
Cells are active entities that respond to mechanical stimuli. Therefore, the application of a mechanical stimulus to a cell during an experiment is likely to result in active remodeling of that cell. Consequently, an experimentally observed response to an applied force may be in part a passive response and in part an active response. In order to correctly interpret experimental data using a model, the model should contain a description of the active mechanisms of the cell in addition to the passive mechanical behavior, so that the passive and active responses can be parsed.
Additionally, in order for a model to be completely encompassing of a cell's biomechanical behavior, it needs to be able to predict the response of a cell to its physical surroundings. Such active models could, for example, uncover the mechanisms by which a cell seeded on stiffer substrates exhibits a higher apparent stiffness [147, 444, 456, 457] . Therefore, in order to be truly predictive, a constitutive framework must include the key mechanisms by which a cell responds to its physical environment in order to interpret and predict experimentally measured responses to AFM, micropipette aspiration, compression, etc. In a sense, a truly predictive model must first be able to predict the initial conditions that exist in the cell at the beginning of an experiment so that the active behavior of a cell during the experiment can then be simulated.
The main drawback with computational models is that they require complex mechanics in order to capture the essential features of active cell biomechanical behavior. Such constitutive formulations require a large number of parameters that are highly nonlinear and consequently computationally expensive. The real challenge is that a model should be able to robustly predict a vast array of experiments. Several frameworks have fallen short in accomplishing this task, but we believe that the framework used for the bio-chemo-mechanical model discussed in a later section of this paper proves quite successful in this respect.
The main category of computational models used to represent cellular mechanics is continuum models. Continuum models are generally solved using the finite element method. This method, which has been implemented in various different commercially available software platforms, incorporates material and geometrical nonlinearities into a simulation for the mechanical response of geometrically complex entities, as well as it is able to accurately simulate contact and boundary conditions. Several studies have used well established elastic, hyperelastic, or viscoelastic material formulations to model cells. These constitutive formulations are readily available in commercial software. However, as previously mentioned, the ability of these passive models to replicate cell behavior is limited. In order to model active cellular behavior, material formulations incorporating biomechanical processes must be incorporated into finite element solvers.
In this section of the paper, we will review several commonly used whole-cell models for cell mechanics, including both passive and active models. Passive models assume that a cell will respond passively to mechanical stimuli whereas active models incorporate key biomechanical processes that underlie cell behavior. By extension, active models possess the ability to simulate the remodeling of cells when exposed physical stimuli.
Liquid Drop Models.
A fundamental category of passive models encompasses the Newtonian liquid drop model, compound Newtonian liquid drop model, shear-thinning liquid drop model, and the Maxwell liquid drop model. In general, these models assume that cells are composed of one or more layers of cytoplasmic fluids, surrounded by prestressed cortical shells. These formulations were mainly developed to account for the rheological response of leukocytes during micropipette aspiration [458] . 5.1.1 Newtonian Liquid Drop Model. In the Newtonian liquid drop model, the cell's interior is assumed to be a homogenous, viscous, Newtonian liquid. Alternatively, the cell's cortex is represented by a layer of isotropic, viscous fluid with static tension and no bending resistance [458, 459] .
The Newtonian liquid drop model is able to predict the overall deformation of a cell and its recovery behavior during micropipette aspiration (Fig. 21) . However, it is unable to capture the initial rapid entry behavior of the cell into the pipette, and its immediate morphological changes after ejection from the pipette [458, [460] [461] [462] .
Compound Newtonian Liquid Drop
Model. In order to account for some of the discrepancies between experimental and numerical results found when using the Newtonian liquid drop model, a compound Newtonian liquid drop model was developed. This model defines cells to be composed of two different layers: the cytoplasm, and the nucleus [458] . Essentially, the compound Comparison between experimental (dots) and computational (line) results for the micropipette aspiration of neutrophils. Top: data for an aspiration pressure of 1 kPa, and Bottom: data for an aspiration pressure of 2 kPa. The viscosities in panels on the left were determined using a slope-matching technique, while those in the panels on the right were determined using a best fit between the computed and experimental data [461] .
drop can be thought of as three incompressible, Newtonian fluid layers of different densities and viscosities, separated by layers of constant surface tension [463] . Following these definitions, the momentum continuum equations for the cell can be described by the velocity and pressure of the material within each region, the viscosities of the three fluids, and the forces transmitted through the interfaces between the different fluid regions [463] .
Simulations conducted using the compound Newtonian liquid drop model have found that it is able to predict a cell's initial deformation behavior more accurately than its predecessor (Fig. 22 ) [463] . This model is also able to predict cell ejection recovery behavior to a certain extent [464] . However, this ejection behavior is largely dependent on the material values chosen to represent the surface tension and viscosity of the different cell layers, and these values can be combined in a number of different ways to yield a particular rheological behavior [465] . Therefore, correct predictions of ejection behavior necessitate the performance of a large number of calibration experiments.
Shear-Thinning Liquid Drop
Model. The shear-thinning liquid drop model assumes that the cytoplasm of a cell acts as non-Newtonian fluid. This model accounts for changes in cytoplasmic viscosity with applied shear rates. Specifically, there is a decrease in cytoplasm viscosity with increasing aspiration pressure, i.e., shear rate [461, 466] , which follows a power-law relationship. When this relationship is substituted into the constitutive relationship for a liquid drop, the result is the governing equation for the shear-thinning liquid drop model.
When compared to the Newtonian model, the shear-thinning liquid drop model shows an improved ability to capture the nonlinear deformation behavior of a cell as it enters a micropipette. This model can also describe the dependence of aspiration rate on pipette diameter and can describe a cell's ejection behavior [467] . However, it is unable to reproduce the rapid entry behavior of a cell into the micropipette (Fig. 23) [465] . Furthermore, the concept of shear-thinning for cells has its drawbacks. Specifically, dynamic measurements of cells subjected to small strain deformations using magnetic twisting cytometry have seen that a large number of cell types-smooth muscle cells, neutrophils, epithelial cells, carcinoma cells, and macrophages-fail to exhibit shearthinning behavior [468] .
Maxwell Liquid Drop Model.
The Maxwell liquid drop model was developed in order to capture the rapid entry of cells into a micropipette at the beginning of an aspiration test. This model is defined in the same manner as the Newtonian liquid drop model, but assumes that the cytoplasm acts as a Maxwell element (elastic spring in series with a dashpot).
It has been shown that the Maxwell model is able to predict the rapid entry and recovery behavior of leukocytes subject to small strains from micropipette aspiration [469] . However, when this same model was used for the finite element simulations of large deformations by micropipette aspiration, it was unable to replicate the experimental results without applying a shear-thinning behavior to a cell's viscosity and elasticity (Fig. 24) [470, 471] . The inability of the Maxwell and Newtonian models to accurately simulate both small and large scale cell deformation without adjustments of the material parameters highlights the need for nonclassical models and/or active models that incorporate dynamic remodeling of the cell in response to mechanical stimuli.
Solid Elastic Models.
Solid elastic models assume that the cell is composed of one or more homogenous material layers. In general, there are two kinds of elastic solid models: the linear-elastic model and linear-viscoelastic model.
Linear-Elastic Solid Models.
In the linear-elastic solid model, the cell is defined to be a solid with homogenous, elastic properties governed by Hooke's law. Therefore, the elasticity of the cell can be determined from experimentally obtained values of stress and strain. However, more often than not, the techniques used to determine cell material properties, apply shear forces to the cell (or cells) of interest. In such cases, the shear modulus of the cell can be determined from shear stress and strain measurements, and the elastic modulus of the cell can be calculated from the Poisson's ratio of the cell.
While linear elastic models are useful for determining estimates of cell material properties, they are greatly oversimplified when compared to living cells. As discussed in the introductory section of this chapter, living cells are surrounded by a lipid membrane, which is filled with fluid (cytosol), and supported by the cell cytoskeleton. Therefore, it is expected that the cell would have both fluidlike and solidlike properties. In order to account for this, linear-viscoelastic solid models were developed as a means of capturing both of these material phase properties.
Linear-Viscoelastic Solid Models.
In a linear-viscoelastic model, the normal stress experienced by the cell is assumed to be linearly related to the strain rate in the normal direction via the normal viscosity of the cell. This is equivalent to a Maxwell model in parallel with a spring element. Like the linear solid model, this relationship can be rewritten with shear terms to yield a constitutive equation for this model [458] .
Both the linear-elastic and linear-viscoelastic solid models have been used to determine the material properties of chondrocytes (Fig. 25) [64, 288, 472] , endothelial cells [70, 473] , and leukocytes [474] . They have also been coupled with other models to investigate changes to cellular mechanics during migration [475] and cellular deformation [79, 105, 476, 477] . Recently, realistic three-dimensional finite element models of osteocytes were derived from confocal imaging of the lacunar-canalicular network, and used to predict the loading conditions experienced by osteocytes during normal physiological activities [478] . Simulations revealed that these passive linear-elastic models predicted 350-400% greater strain amplification experienced by osteocytes compared to an idealized cell model (Fig. 26) .
A significant limitation of elastic and viscoelastic cell models is that a unique set of material properties cannot be used to accurately simulate the behavior of round and spread cells. An artificial elevation of elastic moduli for spread cells is required to capture the reduction in deformability due to the alteration in the cell cytoskeletal structures [479, 480] . This important consideration can be addressed by simulation of the active bio-chemomechanical processes that govern cytoskeletal remodelling, as discussed in Sec. 6.
Power-Law Rheology
Model. This modeling approach was developed to account for the responses of adherent cells that are subjected to time-varying forces. It is based on empirical observations that a large number of "soft" materials exhibit similar rheological properties. One of the most central of these rheological properties is that these materials have microscopic constituents, which, like glass, are unable to equilibrate thermodynamically. Because of this property, these materials are sometimes called soft-glassy materials. It has been proposed that models applicable to such materials are also able to describe the frequency-dependent rheology of cells that follows a power-law trend [481] . Expanding upon this idea, various experiments have shown that cells can demonstrate dynamical heterogeneity, physical aging, and shear-induced rejuvenation, which further support the concept that a cell is a soft-glassy rheological material [482] . The material law given for power-law, frequency-dependent, soft glassy materials is as follows [483] :
where G 0 x ð Þ and G 00 x ð Þ are the frequency-dependent storage and loss moduli of the material, respectively, x is the frequency of excitation, x is the temperature 1 x < 2 ð Þ , G 0 is the shear storage modulus of the material at the glass transition temperature x ¼ 1 ð Þ, x 0 is the reference frequency, and g is the structural damping coefficient. Assuming that a cell has reached its steadystate response after experiencing an applied shear strain given by c t ð Þ ¼ c 0 e ixt , then the shear stress will be [483] 
where
Þ is the complex shear modulus of the material. Thus, the magnitude of the shear stress can be given by
The power law model differs from spring-dashpot models, like the Newtonian and Maxwell models, in its ability to account for frequency-dependent cellular responses [458] . This model has been used to simulate the response of cells to magnetic twisting cytometry (Fig. 27) [468, 481, 484, 485] and AFM [486] .
Biphasic Models.
The biphasic model accounts for the liquid and solid composition of the cytoplasm by treating it as a combination of a solid phase, and a fluid phase that is able to diffuse through the solid phase. Momentum exchange occurs through friction between the two phases. In the general definition of a biphasic model, the solid phase is treated as a linear-elastic material, while the fluid phase is assumed to be an inviscid fluid Fig. 25 Comparison between experimental and computational results for bovine articular chondrocytes subject to creep indentation [106] Fig. 24 Comparison of leukocyte displacements during micropipette aspiration to series (dashed) and FEA (solid) solutions of the Maxwell liquid drop model [469] r
where the subscripts s and f indicate the solid phase and fluid phase, respectively, r is the Cauchy stress tensor, e is Cauchy's infinitesimal strain tensor, I is the identity tensor, p is the fluid pressure, / s and / f are the solid and fluid volume fractions, respectively, and k s and l s are the Lam e constants for the solid phase [458] . Simulations of this model, and its derivatives, have been particularly useful in determining the mechanics of chondrons (Fig. 28 ) [487] [488] [489] [490] [491] [492] [493] [494] . It has also been adapted for three-dimensional simulations [495, 496] , and has been used in concurrence with other standard models [497] . However, some studies have shown that Transactions of the ASME the biphasic model is unable to capture initial deformation characteristics of cells under compression [488] .
5.5 Tensegrity. The tensegrity model represents the cell as a mechanically stable structure, composed of compression-bearing struts and tension-bearing cables [498] . The cables create an initial prestress in the cell model, which is resisted by the struts, in order to maintain a system in mechanical equilibrium [499] . The physiological parallels to these compressive elements are microtubules or highly bundled actin filaments, which resist compressive loads, while stress fibers, actin filaments, and intermediate filaments are a physiological representation of the cables, which resist tensional loads [32, [499] [500] [501] . These elements are connected through pin-joints, which represent cross-linking or molecular binding, and frictionless loops, which represent connections that allow for sliding of these structures past one another [502] . Closely related to the tensegrity model are open lattice models, which assume that the cell is composed of compression members, surrounding an open area of fluid cytosol [503, 504] .
The tensegrity model has been shown to have the ability to predict the linear relationship between cellular prestress and cell stiffness seen in experiments [28, 505, 506] , the frequency dependence of a cell's rheological properties (Fig. 29) [507, 508] , and stress-dependent spatial rearrangement of cell structures [509, 510] . These models have also been used to elucidate mechanotransduction pathways [511] [512] [513] , and have been adapted to allow for tensegrity structures of higher complexity and enhanced physiological relevance, i.e., models that incorporate different material properties for distinct cell structures, that have nonlinear tensegrity components, and that incorporate molecular motor movements [502, [514] [515] [516] [517] [518] [519] [520] . However, the tensegrity model predicts a limited frequency dependence due to its simplistic representation of cytoskeletal structure. Additionally, in this model, cell components are arranged in an idealized fashion, which is very organized when compared to actual cells. Furthermore, a large percentage of the cell is a fluid, so compressive loads can also be supported by hydrostatic pressures, which the tensegrity model does not capture [51] .
5.6 Semiflexible Chain Model. The semiflexible chain model was developed as a means to explain how tension enables cells to maintain mechanical stability. This model is based on the idea that when a thermally fluctuating chain (like a cytoskeletal filament) is stretched, the number of possible chain configuration states is reduced. In addition, a reduction in the number of configuration states is associated with lower entropy in the chain and stiffening of the chain.
In the semiflexible chain model, actin filament links are classified by their persistence length l p , which is the length above which bending due to thermal fluctuations becomes significant [28] . The elastic response of the network results from tension in these chain segments, which is a function of the extension L À L 0 , where L 0 is the unstretched length of the segment. When this network is stretched by a tension s, the energy per unit length of the chain is defined by changes in the bending of the chain and the work that the chain does in contracting against the applied tension. This energy per unit length can be written as [521] 
where j ffi l p kT is the chain bending modulus, k is the Boltzmann constant, T is the temperature, and u is the transverse deviation of the chain away from its straight conformation. For this definition, the shear modulus can be estimated from G 0 $ kT=n 3 , where n is the characteristic mesh size of the chain network. For a network of stiff chains, this mesh size is given by $1= ffiffiffiffiffiffiffi ac A p , where c A is the concentration of actin monomers of size a.
This representation has been found to be good for describing actin filament organization and the dependence of cell material properties on actin concentration (Fig. 30) , but is unable to deliver information regarding the effect of alterations to the cell's external mechanical environment on the cell.
Dipole Polymerization
Model. The dipole polymerization model represents the active remolding of the cytoskeleton as actin-myosin dipoles, which are defined by their orientation, as well as the magnitude of the forces that they exert. This model is used to characterize a cell shortly after it has adhered to a substrate. In this state, actin filaments in the cytoskeleton are assumed to be isotropic, and then develop into anisotropic stress fibers over time. When actin-myosin dipoles are oriented in the direction of an applied tensile stress, a contractile force opposes this stretch and restores the system to equilibrium. In this manner, actin-myosin dipoles polarize in response to the anisotropy of applied elastic stress [28] . When a force is applied to a cell population, the polarization of the cells in the direction of the principal strain can be written as [522] Fig . 29 Comparison between model predictions of elastic (G 0 ) and frictional (G 00 ) moduli dependence on frequency (x) for a heterogeneous tensegrity structure and experimental results from human airway smooth muscle cells. Circles represent experimental data replotted from Fabry et al. [481] ; lines indicate data generated by the tensegrity model. (Reprinted from Ref. [507] with permission from Springer Science and Business Media.) Fig. 30 The shear modulus G 0 of actin networks as a function of concentration; based upon the semiflexible chain model. (Figure reprinted with permission from Ref. [521] by the American Physical Society.)
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where P ij is the polarization tensor, q is the number of cells per unit volume, and p ij 0 and p ij are the average cell polarization tensors before and after the force is applied, respectively. The total excess stress due to the applied stress r a ij and the polarization stress P ij is the sum of these two values. The applied stress is given by r a ij ¼ Cu ij , where is the elastic permittivity tensor, C is the elastic moduli of the system, and u ij is the excess strain in the system. From this definition, the optimal orientation of a cell in the presence of an elastic strain can be predicted by minimizing the interaction energy W between the cellular dipole p ij with the local strain u
In these equations, j is the bulk modulus, l is the shear modulus, T is the uniaxial tension, and is the effective Poisson's ratio. This model was originally developed to account for experimental variations in the sizes of cells seeded on substrates or matrices of different rigidities (Fig. 31) , and was used to evaluate the average cell orientation, the mean polarization stress, and the effective elastic constants of the material [522] . It has the ability to predict the monotonic increase in cellular forces with increases to matrix rigidity in one-, two-, or three-dimensional simulations, and alignment of stress fibers parallel to the long axis of cells [522] [523] [524] [525] . However, it does not account for the molecular mechanism of stress-fiber formation [28] .
Brownian Ratchet Models.
Brownian ratchet models are a group of active models based upon the idea that chemical reactions generate cellular protrusive forces during actin and microtubule polymerization, via rectifying Brownian motion. The elastic Brownian ratchet model is a generalized form of the Brownian ratchet model which defines the polymer as an elastic material, and allows for the relaxation of the growing polymer tips. Generally, these models are used to describe adherent cells [28] .
Brownian Ratchet Model.
In the Brownian ratchet model, the ratchet velocity is given by [526] v 14) where c x ð Þ is the density of polymerized actin fibers at the location x, a, and b are polymerization and depolymerization constants, respectively, and d is the half size of an actin monomer. When depolymerization is negligible b ! 0 ð Þ, the relationship for velocity v and load x can be described by
where D is the diffusion coefficient for the actin monomers, f is the applied load, k B is Boltzmann's constant, T is the absolute temperature, x is the dimensionless work done against the load in adding one monomer, and l is a dummy variable, which can be determined by solving Eq. (16) . When the polymerization velocities are very slow in comparison to the ratchet velocity, then this simplifies to v ¼ d ae Àx À b ð Þ (Fig. 32) .
Elastic Brownian Ratchet.
Alternatively, the loadvelocity relationship for the elastic Brownian ratchet, as well as the optimal filament angle, are dependent on the length of the filaments and the magnitude of the applied force [527] (Table 3) . In this table, x has the same definition as was given for the Brownian ratchet model,
is the bending distance of the filament, k is the persistence length of the filament, l is the filament's fixed length, k on and k off are equivalent to a and b, and M is the concentration of actin monomers. Recently, Lin et al. refined this model to include bonding between actin filaments and the load surface, actin fiber nucleation, and actin filament tip capping (Fig. 33) [529] .
Both the Brownian Ratchet model and the Elastic Brownian Ratchet model are able to account for dynamic force productiondriven propulsions, have proven accurate in eliciting protrusion dynamics, and derivatives of these models have been used to describe the protrusive motion developed by lamellar [530] and Transactions of the ASME filopodial [531] [532] [533] structures during cellular migration. Additionally, the elastic Brownian model accounts for force production from thermal motions of polymerizing actin filaments. However, both models have yet to be implemented for the whole cell [526, 527] , and they cannot be solved without a priori load, i.e., a designated initial loading state [534] .
5.9 Stress-Fiber Reorganization Model. This model, which was developed by Kaunas et al., was originally developed to describe the reorganization of stress fibers following mechanical stretch. It is based on the observation that stress fibers are preextended at a "homeostatic" level under static conditions, and that externally applied changes in stress fiber length results in the dissociation of stress fibers [535] . In this model, the rate of stress fiber assembly is defined as follows:
where U i is the mass fraction of stress fiber i and k i is its reaction rate constant, which is a function of the fiber stretch a i :
where k 0 and k 1 are constants, and a o is the homeostatic stretch level. This model accurately captures the experimental observation that stress fibers align parallel to the direction of stretching under uniaxial stretch conditions whereas fibers are remain unaligned in response equibiaxial stretching (Fig. 34) .
Recently, Kaunas et al. refined this model definition to include a relationship between fiber dissociation and fiber strain rate [537] . In this refined model, if a stress fiber strain rate is too high, then it is assumed that actin-myosin interactions cannot occur and the stress fiber force is obtained from the elastic properties of the stress fiber. If the strain rate is sufficiently low then actin-myosin 
x ) 1 Large applied force
Large applied load Fig. 33 Comparison between the model prediction [529] and the experimental data [528] for normalized ratchet speed V versus load force F. (Figure reprinted with permission from Ref. [529] by the American Physical Society.) Fig. 34 Predicted (solid lines) and experimentally reported [536] (symbols) response to equibiaxial stretch (10% strain at 1 Hz -triangles) and uniaxial stretch (10% strain at 1 Hz -circles; 10% strain at 0.5 Hz -squares). (Reprinted from [535] with permission from Elsevier.)
force generation follows a linear version of the Hill force-velocity relationship. This model predicts that a decrease in the frequency of cyclic stretching results in a decrease in the alignment of stress fibers.
5.10 Dynamic Stochastic Model. The dynamic stochastic model (also known as the active elastic dipole model) is an active model which represents a cell as an elastic force dipole that changes its orientation and magnitude in response to external forces (Fig. 35) . It was originally developed to explain why cells orient their stress fibers parallel or perpendicular to an applied force. This model operates on the idea that a cell will reorganize its stress fibers in the direction that maintains an optimal stress or strain within the cell, and any deviance from this orientation will result in internal forces which restore this optimal state of stress or strain.
The force dipole is characterized by a cell's stress fiber activity. Specifically, the cell is modeled as an anisotropic force dipole tensor: P ij ¼ l i f j , where l i is the distance between the forces, and f j is the magnitude of the forces. These forces are derived from the gradients of the effective free energy, F c , which is a function of the dipole magnitude and direction. The free energy of a cell with bipolar morphology, and an external uniaxial stress r a applied at an angle h relative to the cell's central axis, can be written as follows:
where v is a measure of cell activity, P Ã is the optimal force dipole, p ¼ P=P Ã and p a t ð Þ ¼ P a ðtÞ=ða o P Ã Þ are dimensionless variables (a o is a function of ), and the zero strain direction) . Alternatively, the free energy of the matrix is written as (25) where u a ij is the external strain field. The effective free energy is F ¼ F c þ F m , and the equations for the dipole magnitude and orientation are given by
where s p and s h are the times that it takes for the orientation and magnitude of the force dipole to reach their optimal states, respectively [28] .
Not only is this model relatively simple-in that it only has two degrees of freedom (dipole magnitude and orientation)-but it also incorporates components of active cellular forces created by cytoskeletal remodeling, and elastic forces created by cell-ECM interactions. Additionally, it is a relatively generic description of a contractile cell, since it lumps several molecular processes into two variables.
5.11 Constrained Mixture Models. Using this model, the mechanics of a cell are assumed to be governed by four primary events: the diffusion of actin monomers within the cell, the formation of a network of stress fibers from these monomers, biomechanical contraction of these stress fibers, and dissociation of the fibers into actin monomers [539] . This model was developed to address a number of key physical principals that are generally neglected in whole-cell computational models, namely, the dependency of contractility on substrate stiffness and ligand density, mass conservation, osmotic loading, and transport phenomena.
For this model, the cell is defined to have four distinct, yet coupled types of structures: a solid cytoskeleton (s), a fluid cytosol (c), a network of stress fibers (p), and a mass of actin monomers (m). The cytoskeleton, which is assumed to be porous and passive, is included within this definition in order to assess cell deformation, and acts as an intermediary space between the cytosol and the extracellular matrix. Alternatively, the cytosol, which is presumed to be composed of an incompressible fluid, allows for actin monomer transport and resists the cell's internal pressure. Lastly, the stress fibers constitute the cell's actin cytoskeleton, and are required for contraction.
The formation of these stress fibers is limited by the amount of available actin monomers present in the cytoplasm, and the rate of both the formation and the disassociation processes for an individual stress fiber are dependent on the contractile tension in that stress fiber
where C p h is the rate of stress fiber polymerization, / m is the availability of actin monomers, / f is the volume fraction of the fluid cytosol, / p h is the variation in stress fiber density with direction h, and k f and k d are the formation and dissociation constants for F-actin. The density of these stress fibers is assumed to have a von Mises distribution 
where b is the degree of anisotropy of the stress fibers, h 0 is the direction of largest fiber density, and I 0 b ð Þ is the zero-order Bessel's function of the first kind
Stress fiber contraction is governed by classical length-tension and velocity tension characteristics
where T p is the tension in the stress fibers, is the strain in a stress fiber, _ is the strain rate of the stress fiber, T is the isometric contraction for the stress fiber in its original length ¼ 0 ð Þassuming no strain rate _ ¼ 0 ð Þ; 0 is a constant which describes how quickly contraction decreases as strain deviates from zero, and 1 is a characterizing constant for the passive strain hardening of the stress fibers. When results obtained using this model are compared to those obtained experimentally, it has been found that this model is able to accurately capture the relationship between cell contraction and substrate stiffness in addition to capturing stress fiber alignment along a free edge of a cell between two discrete attachments (Fig. 36) [539] . More recently, this model has been used to predict the formation and orientation of stress fibers in cells subjected to constant or cyclic stretch and for cells on substrates with different stiffnesses [540] .
Focus on Bio-Chemo-Mechanical Model
The bio-chemo-mechanical model was first proposed by Deshpande et al. in 2006 [16] . This model describes the biochemistry of stress fiber remodeling with a biomechanical description of stress fiber contractility. The biochemistry of stress fiber formation is based on two key observations: (i) stress fibers assemble due to activation of proteins or signaling molecules in the cell, such as RhoA/Ca 2þ [23] and (ii) stress fibers dissociate when there is a reduction in tension in the cytoskeleton [23] . Based on experimental observation [541] , an exponentially decaying signal is typically assumed. This activation signal is represented by the nondimensional signal intensity C:
where h is the decay constant of the signal, and t i is the time measured from the onset of the ith activation signal. A first-order kinetic equation describes the rate of stress fiber assembly
where g is the nondimensional assembly level of stress fibers, k f is the forward rate constant, k b is the backward rate constant, and T o is the isometric tension. The first term in this equation describes the rate of stress fiber formation, which increases with the activation level C in a cell and decreases with the assembly level g. The second term describes the rate of stress fiber disassembly, which increases with the assembly level g and decreases with increasing tension T in the stress fiber. Due to similarities between stress fibers and myofibrils, the contractile behavior of a nonmuscle cell is assumed to have similar isotonic and isometric relationships as skeletal muscle. This relationship is represented by Hill's equation, which was linearized to the following form: where _ e is the strain rate, _ e 0 is the maximum strain rate, and k v is the Hill-type constant that relates the reduction in tension due to the strain rate. In experiments performed by Mitrossilis et al., this tension-strain rate relationship was found to be valid for myoblast cells [542] . It is important to note that stress fiber shortening, i.e. strain rate, leads to a reduction in tension, which in turn, results in stress fiber disassembly. The loss in assembled stress fibers leads to reduced tension production and the cell eventually reaches a steady state level of contraction.
6.1 Computational Implementation of the Bio-ChemoMechanical Model. To use this model, a representative volume element (RVE) is defined such that 2D finite element implementation allows for a fully predictive framework in terms of stress fiber distribution and contractility through the cell cytoplasm [16, 543] . Essentially, at each integration point in a finite element mesh, Eqs. (33)- (35) are solved in a large number of directions so that the stress fiber distribution at this point depends on the local stress state and cell signaling. Theoretically, stress fibers can form in any direction in a RVE, but it has been numerically demonstrated that solving these equations in 72 discrete, evenly spaced, directions provides a converging solution. A 3D implementation has recently been developed by Ronan et al. where these equations are solved in 400 evenly distributed directions in a spherical RVE [544] . This active stress fiber formulation then is placed in parallel with a passive material component (generally a hyperelastic formulation), which represents the noncontractile components of the cell cytoplasm such as microtubules, intermediate filaments, and organelles.
6.2 Applications and Limitations of the Bio-ChemoMechanical Model. The main advantage of this model is that it accounts for dynamic reorganization of the cytoskeleton in response to changes in the intracellular stress state. This model is also entirely predictive, with the ability predict stress fiber formation in all directions at all points throughout the cell cytoplasm so that initial conditions regarding stress fiber distribution and orientation are not required. Furthermore, this model represents stress fiber contractility via the Hill model-which embodies the interaction between actin and myosin-and represents stress fiber assembly and dissociation via the kinetic equation. Therefore, it is phenomenological, but based on experimental observation.
The bio-chemo-mechanical model also has the ability to accurately predict the influence of substrate compliance on cellular traction forces, the dependence of cell size on forces, and the influence of cell shape, boundary conditions, and forces on the orientation of stress fibers and distribution of focal adhesions. Some of these results have been discussed in previous reviews [543, 545] , and are further discussed in the following section of this review. Most importantly, this framework has been shown to accurately simulate the response of cells to a wide variety of different boundary conditions and loading scenarios, demonstrating the robustness of the formulation.
However, while this model has many advantages over others, it still has room for improvement. Physiologically, cells are composed by a large number of different structures, each with their own mechanical properties, and their own effect on the average whole-cell mechanics. In order to account for the individual contributions of these structures to whole-cell mechanics, the passive hyperelastic component of the model could potentially be replaced with more complex constitutive formulations to represent the biomechanical behavior of microtubules and intermediate filaments. Additionally, 2D and 3D implementations of the model have assumed that the activation signal within the model is not spatially dependent.
Studies
Confirming the Validity of the Bio-ChemoMechanical Model. This formulation has been implemented in one-, two-, and three-dimensional simulations of a wide variety of experiments; and has been found to capture a large number of key cellular responses that cannot be captured by passive models. Some of these findings are discussed in the following sections of this review.
6.3.1 Predictions of Contractility and Spreading. The first paper that reported upon the use of this framework demonstrated the model's ability to predict changes in stress fiber formation for square cells seeded on top of supports with different magnitudes of stiffness [16] , which was previously seen in experiments of the same nature [421] .
Subsequent simulations by the same authors found that, for a single stress fiber on top of a one-dimensional row of microposts, the model predicts an increase in the fiber's average traction force with increasing post stiffness, and a decrease in the fiber's average traction force with an increased number of support posts [543] . In this same study, the corners of a square-shaped virtual cell were attached to the tops of square posts for two-dimensional simulations. These simulations showed that the model accurately predicts the development of cytoskeletal anisotropy with changes to cell shape and boundary conditions (cytoskeletal anisotropy under uniaxial loading and structural isotropy under biaxial loading), a high concentration of stress fibers in the vicinity of the attachment points, increased stress fiber assembly at points of force application, and enhanced stress fiber development with multiple activation signals (Fig. 37) . These findings are consistent with previous experimental results [421] .
In further conformational studies, 2D simulations of the biochemo-mechanical model were compared to experiments employing micropost arrays [455] . In these simulations, the contractile responses of smooth muscle cells, fibroblasts, and mesenchymal stem cells were investigated for various different micropost array Fig. 37 Experimental (left) and computationally predicted (right) concentrations of stress fiber assembly for a square cell attached to posts at its corners [455] 060801-26 / Vol. 65, NOVEMBER 2013
Transactions of the ASME sizes. These simulations showed that the bio-chemo-mechanical model was able to consistently yield results seen in previous experimental studies [15, 420, 450, 457] . These results included changes in traction forces exerted by cells on different numbers of microposts, the alignment and distribution of actin stress fibers, the curvature of the cell boundaries between the microposts, higher traction forces at the cell periphery, and larger-magnitude forces for cells with higher post stiffness and/or cell area.
Response of a Cell Exerted to External
Force. In a separate set of simulations, a two-dimensional cell was subject to uniaxial and equibiaxial strain in order to determine the model's ability to predict changes in stress fiber orientation and assembly due to the application of cyclic strains (Fig. 38) [546] . These simulations found that uniaxial cyclic straining of a cell resulted in the alignment of stress fibers perpendicular to the direction of stretching. Additionally, higher alignment was seen with increased magnitude and frequency of the applied stretch, while transverse contraction of the cell substrate was found to result in an alignment of stress fibers at approximately 70 deg to the direction of stretching. Alternatively, equibiaxial cyclic strain was shown to result in a uniform distribution of stress fiber alignment. Stress fiber alignment is a result of the dissociation of fibers aligned in the stretching direction as a result of fiber shortening and consequent tension reduction during unloading half-cycles. These predictions are consistent with experimental observations for fibroblasts and endothelial cells seeded on silicone substrates that are subjected to cyclic stretching [547] [548] [549] [550] .
6.3.3 Cellular Migration. In recent simulations, this model was employed to elicit information regarding changes in traction forces during one and two-dimensional cellular migration (Fig. 39) [551] . Here a single migration cycle-contraction of the cytoskeleton, extension of the leading cell edge, and release of the rear adhesions-was investigated. These studies found that this model was able to predict the spatial distribution of traction forces elicited by previous experiments [16, 386, 398, 543] . These experiments also revealed that the formation of a new adhesion leads to the immediate reorganization of cytoskeletal stress fibers, and that the strain energy of a cell's traction forces undergoes a cyclic pattern that rises during adhesion formation and falls during adhesion release.
Incorporation of Focal Adhesion Assembly.
In further studies, a focal adhesion model was incorporated into the biochemo-mechanical definition to account for the effect that cytoskeletal contractile forces have on the assembly of focal adhesion protein complexes. This model is based on three key assumptions: (i) low and high affinity integrins coexist in thermodynamic equilibrium, (ii) low affinity integrins within the plasma membrane are mobile, and (iii) the contractile forces generated by stress fibers are in mechanical equilibrium and change the free energies of the integrins [552] . In a one-dimensional simulation of this new model, it was found that focal adhesions concentrate around the periphery of a cell, the percentage of the cell with focal adhesions decreases with decreasing cell size (while the total amount of focal adhesion area increases), and that the total number of focal adhesions decrease when the cell is unable to produce contractile forces.
Another set of simulations used this same focal adhesion model to investigate the effects that a cell's shape have on focal adhesion assembly, as well as cytoskeletal organization (Fig. 40) [553] . In these simulations, two-dimensional cells having V, T, Y, and U shapes were compared to experimental results using cells patterned onto substrates of these same geometries [554] . The results of these simulations demonstrated that the coupled cytoskeletonfocal adhesion model was able to accurately predict: (i) the enhanced formation of highly aligned stress fibers along the nonadherent edges of the cells on concave patterns, (ii) high concentrations of focal adhesion formation along the edges of concave Fig. 38 Comparison experimental and simulated stress fiber alignment in response to applied uniaxial strain of varying magnitudes [546] Fig. 39 Spatial mapping of simulated one-dimensional cellular traction forces for a migrating cell [551] patterns, and (iii) large populations of stress fibers and focal adhesions at the periphery of convex patterns.
Incorporation of Intracellular Signaling.
Recently, this bio-chemo-mechanical model was further refined to include a signaling model, which is defined based on the assumption that IP 3 molecules-messenger molecules used in signal transductionare generated when focal adhesions grow, due to the clustering of high affinity integrins (Fig. 41) [555]. These IP 3 molecules then lead to the activation of the contractility model by diffusing into the cell and triggering the activation signal that initiates cellular contractility. In simulations performed using this new coupled model, a one-dimensional cell was pulled at one end, and changes to stress fiber activation, focal adhesion distributions, and activation level were recorded. The model predicted similar results to previous simulations with regard to stress fiber orientation and concentration, as well as focal adhesion distributions. Furthermore, it was found that the activation signal is dependent on the rate of the applied mechanical load, but not the net displacement of the cell due to that load. More specifically, when the rate of the applied load is higher, the maximum value of activation within the cell grows at an increasing rate and the time that it takes the cell to reach this maximum value decreases. These findings are consistent with previously obtained experimental results [556, 557] .
6.3.6 Role of Contractility in the Compression Resistance of Cells. Using a 3D implementation of the active framework, a recent study of Ronan et al. reveals that polarized and axisymmetric spread cells contain stress fibers which form dominant bundles that are stretched during compression (Fig. 42) [558] . These dominant fibers exert tension, causing an increase in computed compression forces compared to round cells. Fewer stress fibers are predicted for round cells, leading to a lower resistance to compression. Most importantly, it is demonstrated that highly contractile cells provide greater resistance to compression. Computed predictions using this model correlate strongly with published experimentally observed trends of compression resistance [289, 559] and offer an insight into the link between cell geometry, stress fiber distribution and contractility, and cell deformability. This framework was recently used to determine the contractile properties of osteoblasts using AFM compression data and imaging of deformed cell and nucleus geometries [560] . Additionally, in conjunction with a mixed-mode implementation of the aforementioned focal adhesion assembly model, this 3D implementation was used to predict cell response to substrate stiffness, with results strongly correlating with experimental measurements [561] .
Role of the Actin Cytoskeleton in the Shear Resistance.
A recent computational-experimental study by Dowling et al. demonstrates the importance of actin cytoskeleton remodeling and contractility in the shear resistance of chondrocyte cells (Fig. 43 ) [562] . These studies found that the active modeling framework must be used to capture the distinctive yielding behavior of the experimental force-indentation curve for untreated control cells. Alternatively, passive hyperelastic models are shown to only capture the behavior of cells in which the actin cytoskeleton has been disrupted with the chemical agent cytochalasin D (cytoD).
6.3.8 Three-Dimensional Simulations. Using calibrated biochemo-mechanical model parameters for chondrocytes, Dowling et al. also developed a micro-mechanical model of cartilage tissue, including an actively contractile chondrocyte, a peri-cellular matrix and an anisotropic extracellular matrix [562] . Simulations of this model predict that in vivo dynamic loading of cells leads to a continuous dissociation of the actin cytoskeleton in contrast to static loading (Fig. 44) . This prediction correlates with 3D cell experiments performed by Knight et al., using chondrocytes in agarose gels [563, 564] and demonstrates the potential of the modeling framework to guide strategies to maintain the chondrocyte phenotype in vivo.
Parameters Previously Employed for
Simulations of the Bio-Chemo-Mechanical Model. As discussed earlier, the constants and parameters associated with this model are generally obtained by using canonical experimental techniques and from comparing the results of these experiments with computational predictions [545] . The reported parameters used for the previously-mentioned simulations of the bio-chemo-mechanical model are shown in the Table 4 . Transactions of the ASME To this date, much has been accomplished within the fields of experimental techniques for cell mechanics, as well as computational modeling of cell mechanics. However, there are still a number of improvements that can be made to enhance these techniques and models for a better understanding of basic biology and disease states. Potential improvements to both fields are discussed in the following, closing sections of this work.
7.1 Future of Tools for Cell Mechanics. In order for these tools to serve as an effective means to uncover the bio-chemomechanical behavior of cells, standard experimental techniques and methodologies should be established to inform future model development. Additionally, the development of experimental techniques that are capable of parsing the active mechanical contribution of cells in response to applied loading, accounting for cell remodeling due to the applied stimulus, will allow for a greater understanding of the biomechanisms by which cells respond to their physical environment, with significant implications in terms of mechanotransduction, homeostasis, and disease progression. Furthermore, because cells are truly threedimensional in nature, techniques that are able to uncover cell biomechanical behavior in three dimensions will enable more accurate approximations of cellular function in vivo.
With regard to potential improvements to micropost arrays, the development of nanopost-dimension arrays would not only allow for the spatial improvement in traction force measurements, but it would enable the use of individual posts to measure forces of cell structures that are on the nano length scale. Furthermore, the incorporation of microposts into complex mechanical environments would allow for the measurement of cell traction forces within environments that are more physiologically relevant. For example, in the body, endothelial cells are subject to stretching and fluid shear stresses. Therefore, it is safe to assume that a system which is able to mimic these environmental conditions is more likely to give valid results than one that does not. Moreover, while the current method for determining post deflections is sound, optical microscopy is limited by the ability of the optical equipment to capture events on short time scales. Improvements to this temporal resolution would allow for the use of micropost arrays to study the forces involved in events that take place very rapidly.
Experimentally, there are also still a number of different studies that have yet to be investigated in great detail with regard to cell mechanics. Many of these experiments have the potential to be studied using the micropost platform, including multicellular studies, the investigation of developmental biomechanics, mechanotransduction, and three-dimensional mechanics. Investigating the forces within cell monolayers, at cell-cell junctions, and at cell-ECM junctions for different force environments would allow for the investigation of how the mechanics of a single cell is translated into a group of cells. Studying developmental biomechanics by measuring force production of cells during different stages of development would enable researchers to determine the role that forces play while cells structurally mature, as well as their role in disease progression. Furthermore, studying mechanotransduction with microposts would elucidate the specific structures and chemical pathways involved in mechanotransduction, and using this platform in three dimensions would allow for the determination of cellular forces in a more physiologically relevant framework.
Future of Computational Models.
In order for these computational models to be universally established and accepted as a standard means for determining the mechanical responses of different cells, they should be general enough such that a single model could be used to accurately describe the response of (almost) any cell type to any applied mechanical stimulus. Such a universal model could be used to describe a variety of different cells by using distinct material constants and parameters for each cell type, since most cells have similar mechanical parts but may express different amounts of isoforms of these proteins.
It is also important to develop multiscale models, which would serve to bridge the gap between microscopic and macroscopic simulations and yield a more complete characterization of molecular, single-cell, monolayer, or even tissue level mechanics. In these models, separate calculations would be carried out at different length scales, and then combined, to produce models capable of describing the biological, chemical, and mechanical outcomes of different experimental conditions. The main challenge involved in developing these models would be the correct coupling of these individual scale computations [545] . Not only do these events take place at different length scales, but they also occur on different time scales; the outcomes of these events affect multiple processes on these other scales [565] .
Another key direction for the future of this field is to develop models based on molecular processes that underlie the mechanotransduction processes of cells. Such constitutive formulations must be implemented in computational simulations for a wide variety of single cell experiments. The validity of a phenomenological implementation of such mechanisms could then be determined by the ability of the model to predict and interpret experimental observation. This will also be facilitated by the determination of other important molecular mechanisms and signaling pathways that occur in the cell, and representing these events in a continuum sense in finite element models. These models would then have to be confirmed based on existing or new experimental data. Additionally, future development should entail the use of these models for complex cells with physiologically realistic geometries and loading modes in three dimensions.
Ultimately, the improvements in computational models within the field of cell mechanics could lead to improvements in human health. For instance, the mechanical behavior of certain cells can potentially be used to quantify the cell's health, which could lead to the diagnosis of certain diseases that affect cell function. Also, information regarding the difference between the mechanical behavior of "healthy" and "unhealthy" cells can be used to predict whether therapeutic treatments will be effective in treating certain diseases. Additionally, a better knowledge of cell biomechanics will enable an improved approximation of the biomechanical behavior of tissues, which is essential in tissue engineering. These and other such potential applications of cell mechanics make it a very important topic of study, both currently, and for years to come. Transactions of the ASME
